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INTRODUCTION 


Background 

In  the  absence  of  any  means  to  prevent  the  breast  cancers,  it  is  critical  to  detect  the 
breast  cancers  at  their  early  stages  when  they  may  be  curable.  Although  screen-film 
mammography  is  the  most  reliable  means  of  detecting  nonpalpable  breast  cancers  [1-3], 
there  are  four  technical  limitations  which  reduce  its  effectiveness;  (1)  Compromise 
between  film  contrast  and  latitude  [4];  (2)  film  granularity  significantly  reduces  the  image 
signal-to-noise  ratio  at  high  spatial  frequencies  [5,6];  (3)  Scatter  rejection  using  grids  leads 
to  a  factor  of  ~2  increase  in  mean  glandular  dose  [7-11];  (4)  Compromise  between  spatial 
resolution  and  absorption  efficiency  [5].  In  practice,  about  10  to  20%  of  breast  cancers  are 
mis-diagnosed  due  to  the  subtlety  of  the  lesion  and  the  limitation  of  image  quality. 

Digital  mammography  has  the  potential  to  overcome  the  limitations  of  screen-film 
mammography  and  to  improve  the  sensitivity  and  specificity  of  breast  cancer  detection. 
The  decoupling  of  image  acquisition,  storage,  and  display  stages  allows  the  optimization 
of  each  stage.  Digital  mammography  also  provides  additional  benefits  including  digital 
archive,  computed  assisted  diagnosis  and  teleradiology. 

Current  approaches  to  digital  mammography 

To  realize  the  benefits  of  digital  mammography,  an  x-ray  imaging  detector  with 
appropriate  characteristics  must  be  developed.  A  recent  ROC  study  [12]  demonstrated 
that  very  high  spatial  resolution  (a  pixel  size  of  35  mm  or  smaller)  will  be  required  for 
digital  mammography  in  order  to  capture  the  very  subtle  microcalcifications.  It  has  also 
been  shown  that  a  digital  mammography  system  should  have  a  linear  dynamic  range  over 
400:1  [13,14].  The  signal-to-noise  ratio  and  contrast  performance  of  the  imaging  system 
must  be  excellent  to  image  the  extremely  subtle  differences  between  tumor  and  normal 
breast  tissue  [15]. 

Various  configurations  for  the  acquisition  of  digital  mammograms  have  been 
proposed  [16-22].  The  most  attractive  approach  to  digital  mammography  may  be  the  use 
of  the  scanning  slot  x-ray  detectors,  which  have  the  advantage  of  efficient  scatter  rejection 
without  significant  increase  in  breast  glandular  dose  [23]. 

At  present,  several  x-ray  detection  materials  are  being  investigated  for  use  in  the 
scanning  slot  x-ray  detectors.  The  initial  slot  x-ray  detector  design  utilized  a  rare-earth 
phosphor  slot  screen  (Gd202S:Tb)  coupled  by  tapered  fiber  optic  image  guide  to  CCDs, 
which  are  operated  in  the  time-delayed  integration  (TDI)  mode  [17,18].  There  are  intrinsic 
limitations  of  this  design  which  mainly  stem  from  the  use  of  phosphor.  (1)  Using  a 
phosphor  coupled  to  a  CCD  via  a  fiber  optic  image  guide  will  inevitably  reduce  the  spatial 
resolution  compared  to  modem  screen-film  mammography,  for  which  a  single  emulsion 
film  is  used  in  combination  with  a  single  back-intensifying  screen.  (2)  The  afterglow  (slow 
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scintillation  decaying  component)  nature  of  Gd202S:Tb  phosphor  will  likely  prevent  its 
use  for  fast  scanning  applications  [24], 

Another  slot  detector  approach  was  to  use  a  hybrid  photodiode  array  which 
directly  converts  the  x-rays  into  electrons[25].  It  has  the  potential  to  provide  high  signal- 
to-noise  performance.  However,  the  noise  from  dark  current  generation  as  a  result  of  large 
silicon  volume,  the  radiation  damage  to  the  detector,  and  possible  high  detector  cost  will 
affect  the  use  of  the  photodiode  for  scanning  slot  digital  mammography. 

It  is  necessary  to  investigate  the  other  x-ray  detection  materials  which  have  the 
appropriate  imaging  characteristics  for  application  to  scanning  slot  digital  mammography. 

Purpose  of  the  research 

The  primary  goal  of  this  predoctoral  fellowship  research  project  is  to  investigate 
the  use  of  a  plastic  scintillating  fiber  screen  (SFS)  as  the  x-ray-to-light  conversion  material 
in  a  scanning  slot  x-ray  imaging  detector  for  mammography.  Methods  to  maximize  the 
scintillation  light  generation  and  output  from  an  SFS  will  be  developed.  An  SFS  with 
optimized  imaging  performance  will  be  constructed.  A  prototype  scanning  slot  digital 
mammography  detector  based  on  the  optimized  SFS  will  be  constructed,  and  its  imaging 
performance  will  be  evaluated. 
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BODY 

L  Computation  of  Scattered  Radiation  in  Scanning  Slot  Digital  Mammo2raphv 
LI.  Introduction 

In  mammography,  the  production  of  scattered  photons  by  the  breast  degrades 
subject  contrast  and  inhibits  the  detection  of  low  contrast  features  including  subtle  masses 
and  microcalcifications.  The  amount  of  scattered  radiation  present  may  be  quantified 
using  the  scatter  to  primary  ratio  (S/P)  [1].  Major  factors  which  affect  the  S/P  ratio  in 
screen-film  mammography  include  the  x-ray  field  size,  x-ray  photon  energies  as  well  as  the 
breast  thickness  [1-3].  For  screen-film  mammography,  S/P  ratios  can  range  from  -0.25  to 
-1.2  with  corresponding  reductions  in  subject  contrast  of  up  to  50%.  Grids  with  either 
4:1  or  5:1  ratios,  and  strip  line  densities  of  between  30  and  50  per  centimeter,  can  be  used 
to  minimize  the  amount  of  scatter  incident  on  the  mammography  screen-film  combination. 
As  a  result,  the  S/P  ratio  in  screen-film  mammography  may  be  reduced  to  between  -0.10 
and  -0.30  [4].  The  use  of  grids,  however,  requires  an  increase  in  x-ray  tube  output  which 
results  in  increased  mean  glandular  doses  by  a  factor  of  about  two  [5-7]. 

Imaging  systems  using  a  scanning  slot  detector  geometry  have  been  evaluated  for 
use  in  digital  mammography  [8-11].  These  designs  use  a  collimated  fan  beam  of  x-rays 
with  the  slot  detector  moved  to  cover  the  whole  breast  region  in  about  4  to  6  seconds. 
The  choice  of  slot  detector  width  has  typically  ranged  from  -4  mm  to  -10  mm.  Use  of  a 
smaller  slot  detector  width  will  be  expected  to  reduce  the  amount  of  scatter  reaching  the 
detector  but  will  increase  the  x-ray  tube  loading  [8].  Increasing  the  slot  detector  width 
permits  the  x-ray  tube  output  to  be  more  efficiently  utilized  and  will  enable  the  use  of  a 
shorter  imaging  time  thereby  reducing  patient  discomfort  [12].  The  size  of  the  slot 
detector  width  directly  affects  the  expected  value  of  the  S/P  ratios  with  a  value  of  -0. 1 
reported  by  Fahrig  et  al  [13]  and  a  similar  value  of  <  0.15  by  Feig  et  al  [14].  Specially 
designed  grids  used  in  conjunction  with  a  scanning  slot  x-ray  detector  have  been  shown  to 
result  in  large  reductions  in  the  S/P  ratio,  but  at  the  price  of  an  increase  in  radiation  dose 
[13].  The  amount  of  scattered  radiation  present  in  the  scanning  slot  mammography 
systems,  however,  have  not  been  systematically  studied.  Furthermore,  scatter  rejection  by 
the  use  of  air  gaps  also  merits  examination  [15]. 

In  this  study,  we  performed  Monte  Carlo  simulations  to  calculate  the  S/P  ratios  for 
a  slot  x-ray  detector  geometry  using  the  x-ray  photon  energies  currently  used  in  screen- 
film  mammography.  The  relative  contributions  of  Compton  and  coherent  scattering  to  the 
total  scattered  radiation  reaching  the  detector  were  determined.  The  dependence  of  the 
S/P  ratio  on  the  slot  detector  material  was  examined.  In  addition,  the  scatter  reduction  by 
the  use  of  an  air  gap  was  assessed  and  compared  to  that  of  using  grids  in  conventional 
screen-film  mammography. 


1.2.  Method 
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Monte  Carlo  Simulation 


The  EGS4  Monte  Carlo  code  [16]  was  employed  to  simulate  the  x-ray  interaction 
processes  in  a  Lucite  phantom  and  the  slot  x-ray  detector.  The  atomic  electron  binding 
effect  on  Compton  scattering  was  taken  into  account  by  incorporating  the  changes  in  the 
EGS4  code  reported  by  Namito  etal[\l].  The  effect  of  molecular  structure  on  coherent 
scattering  in  the  Lucite  breast  phantom  was  included  using  methods  described  by  Leliveld 
etal  [18], 

Monte  Carlo  simulations  were  performed  using  monoenergetic  x-ray  photons  with 
energies  ranging  from  15  to  50  keV  and  for  a  representative  mammographic  x-ray  energy 
spectrum  taken  from  the  measured  data  of  Fewell  and  Shuping  [19],  The  x-ray  spectrum 
was  generated  using  a  Mo  target,  an  x-ray  tube  potential  of  30  kV  and  with  30  pm  Mo 
added  filtration.  The  x-ray  spectrum  is  shown  in  Figure  I.l  and  has  an  average  photon 
energy  of  18.4  keV. 


X-ray  Energy  (keV) 

Figure  I.l.  A  30  kV  mammography  x-ray  spectrum  (Mo-anode,  30  pm  Mo  filtration). 
Simulation  Model 


Figure  1.2  shows  the  geometry  used  in  the  Monte  Carlo  simulations.  The  fan  beam 
originates  at  a  point  focus  and  is  collimated  to  the  cross-sectional  area  of  the  slot  detector. 
The  breast  was  modeled  by  a  homogeneous  block  of  Lucite  (20  cm  x  20  cm  cross 
sectional  area)  of  thickness  T  which  ranged  from  2  to  6  cm.  The  x-ray  source,  one  edge  of 
the  Lucite  phantom,  and  one  edge  in  the  short  dimension  of  the  slot  detector  area  were 
aligned  at  the  chest  wall  as  shown  in  Figure  1.2.  The  slot  detector  was  aligned  with  the 
center  of  the  Lucite  phantom  with  an  x-ray  source  to  detector  distance  of  60  cm.  The 
length  of  the  slot  x-ray  detector  was  20  cm  and  the  slot  detector  width,  W,  ranged  from  4 
mm  to  20  mm.  Unless  otherwise  specified,  the  Monte  Carlo  simulations  had  no  air  gap. 
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Source 


Figure  1.2.  Imaging  geometry  used  in  the  Monte  Carlo  simulations. 

Two  slot  x-ray  detectors  were  studied.  The  first  detector  (Detector  1)  was 
assumed  to  have  a  100%  efficiency  for  absorbing  x-ray  photons,  regardless  of  their 
energies  and  angles  of  incidence.  The  second  detector  (Detector  2)  consisted  of  a  50  pm 
thick  Gd202S;Tb  phosphor  as  the  x-ray  detection  material.  Unless  otherwise  specified,  the 
Monte  Carlo  simulations  used  Detector  1. 

Calculation  of  Scatter  to  Primary  Ratios 

The  S/P  ratio  was  the  total  scattered  x-ray  photon  energy  absorbed  by  the  detector 
divided  by  the  total  primary  x-ray  photon  energy  absorbed  by  the  detector.  In  the  case  of 
Detector  1,  all  primary  and  scattered  photons  incident  on  the  surface  cross-sectional 
detector  area  were  assumed  to  be  completely  absorbed  by  the  detector.  In  the  case  of 
Detector  2,  the  actual  energy  absorbed  by  the  detector  from  each  incident  x-ray  photon 
was  computed.  Secondary  electrons  were  assumed  to  deposit  their  energies  at  the 
interaction  sites.  Energy  deposited  in  the  detector  from  characteristic  x-rays  emitted 
following  photoelectric  interactions  was  also  included.  Statistical  errors  in  the  resultant 
S/P  ratios  were  about  1%. 

The  effect  of  an  air  gap  on  the  reduction  of  the  scatter  to  primary  ratio  was 
quantified  by  a  scatter  reduction  factor,/,  defined  as  the  S/P  ratio  with  no  air  gap  divided 
by  the  S/P  ratio  with  an  air  gap.  Since  the  S/P  ratio  is  reduced  as  the  air  gap  is  increased, 
the  value  of f  will  generally  be  greater  than  1 . 

L3.  Results 

Table  1. 1  shows  the  dependence  of  the  S/P  ratio  on  the  slot  detector  width  (W)  for 
a  4  cm  thick  Lucite  phantom.  The  S/P  ratio  decreased  by  a  factor  of  ~2.5  when  W  was 
reduced  from  20  mm  to  4  mm  at  all  photon  energies.  Differences  in  S/P  ratios  between  20 
keV  and  30  kV  were  less  than  6%.  Figure  1.3  (a)  and  (b)  show  the  S/P  ratios  as  a  function 
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of  Lucite  phantom  thickness  (T)  for  a  4  mm  wide  slot  detector  and  a  10  mm  wide  slot 
detector,  respectively.  At  20  keV,  the  S/P  ratio  ranges  from  0.12  to  0.17  for  the  4  mm 
wide  slot  detector,  and  between  0.18  to  0.33  for  the  10  mm  wide  slot  detector.  The  S/P 
ratio  decreased  by  ~10%  as  the  x-ray  energy  increased  from  20  to  25  keV.  Average 
differences  in  the  S/P  ratio  between  25  and  30  keV  were  -“3%. 


Table  1. 1 .  S/P  as  a  function  of  slot  detector  width  (W)  for  a  4  cm  thick  Lucite  phantom. 


W  (mm) 

20keV 

25keV 

30keV 

30kVp 

4 

0.150 

0.132 

0.123 

0.152 

6 

0.192 

0.184 

0.176 

0.189 

8 

0.238 

0.215 

0.208 

0.231 

10 

0.268 

0.239 

0.234 

0.266 

15 

0.345 

0.302 

0.288 

0.331 

20 

0.371 

0.352 

0.343 

0.372 

Lucite  Phantom  Thickness,  T  (cm)  Lucite  Phantom  Thickness,  T  (cm) 

(a)  (b) 

Figure  I.  3.  S/P  as  a  function  of  Lucite  phantom  thickness  (T)  for  the  (a)  4 
mm  wide,  and  (b)  10  mm  wide  slot  x-ray  detectors. 

Figure  1.4  shows  the  dependence  of  the  S/P  ratio  on  the  air  gap  introduced 
between  the  Lucite  phantom  and  a  10  mm  wide  detector.  S/P  ratio  was  reduced  by  a 
factor  of  about  two  and  three  using  1.5  cm  and  3  cm  air  gaps,  respectively.  The  S/P  ratio 
was  in  the  range  of  0.05  to  0. 13  with  a  3  cm  air  gap.  Differences  in  the  S/P  ratio  between 
20  keV  photons  and  the  30  kV  spectrum  were  ~3%.  Table  1.2  gives  the  resultant  values  of 
the  scatter  reduction  factor,  /,  as  a  function  of  Lucite  phantom  thickness  for  the  two  air 
gaps  at  20  keV.  The  values  of /  were  found  to  decrease  with  increased  Lucite  phantom 
thickness. 
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Lucite  Phantom  Thickness,  T  (cm) 


Figure  1.4.  S/P  as  a  function  of  Lucite  phantom  thickness  (T)  for  a  10  mm  wide 
slot  detector  at  Airgap  =  0,  1.5,  and  3.0  cm.  The  results  are  shown  in 
solid  and  dashed  curves  for  20  keV  and  30  kV  x-ray  sources, 
respectively. 

Table  1.2.  Scatter  reduction  factor,  /,  vs.  Lucite  phantom  thickness  (T)  for 


two  airgaps  at  20  keV  x-ray  energy. 


T 

(cm) 

Airgap  (cm) 

1.5 

3.0 

2 

2.01 

3.35 

3 

1.93 

2.92 

4 

1.92 

2.84 

5 

1.74 

2.65 

6 

1.72 

2.46 

Figure  1.5  shows  the  S/P  ratio  as  a  function  of  x-ray  energy  for  a  4  cm  thick  Lucite 
phantom  and  the  effect  on  the  S/P  ratio  from  the  introduction  of  a  3  cm  air  gap.  Also 
shown  in  Figure  1.5  are  the  contributions  of  coherent  scatter  ((S/P)coh)  and  Compton 
scatter  ((S/P)comp)  to  the  total  scatter.  The  S/P  ratio  decreased  as  x-ray  energy  increased 
with  a  reduction  of  about  33%  between  15  and  50  keV.  With  no  air  gap,  the  (S/P)coh  ratio 
was  greater  than  the  (S/P)coinp  ratio  below  about  25  keV.  With  a  3  cm  air  gap,  however, 
the  contributions  from  these  two  scatter  processes  were  equal  at  an  x-ray  energy  of  ~36 
keV.  The  scatter  reduction  factor,/,  averaged  about  2.8  and  showed  little  dependence  on 
the  x-ray  energy  over  the  range  of  15  to  50  keV. 
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Figure  1.5.  S/P  as  a  function  of  x-ray  energy  for  the  4  cm  thick  Lucite  phantom  and 
a  10  mm  wide  slot  detector  at  (a)  Airgap  =  0;  and  (b)  Airgap  =  3.0  cm. 

Figure  1.6  shows  the  effect  of  the  x-ray  detector  material  on  the  S/P  ratios  for  a  10 
mm  wide  slot  detector  at  20  keV.  The  S/P  ratio  obtained  using  Detector  2  (i.e.,  50  pm 
Gd202S:Tb  phosphor),  was  ~7%  higher  than  that  of  Detector  1.  The  introduction  of  a  3 
cm  air  gap  reduced  the  difference  between  the  S/P  ratios  obtained  with  these  two 
detectors  to  ~  4%. 


Lucite  Phantom  Thickness,  T  (cm) 


Figure  1.6.  S/P  as  a  function  of  Lucite  phantom  thickness  (T)  at  20  keV  x-ray 
energy  for  Detector  1  (i.e.,  100%  x-ray  absorption),  plotted  in  solid 
lines;  and  Detector  2  (i.e.,  a  50  pm  thick  Gd202S;Tb  x-ray  absorbing 
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phosphor),  plotted  in  dashed  lines.  Both  detectors  are  10  mm  wide. 

Scattered  radiation  in  mammography  was  measured  using  Lucite  phantoms  by 
Barnes  and  Brezovich  [1].  One  of  their  experiments  was  to  measure  the  S/P  as  a  function 
of  x-ray  field  sizes.  We  performed  simulations  for  the  same  field  sizes  and  Lucite  phantom 
thickness.  The  30  kVp  x-ray  spectrum  was  used  in  this  computation  because  it  was 
demonstrated  in  that  experiment  that  S/P  values  show  little  dependence  on  the  tube  kVp. 
The  computed  S/P  values  were  compared  to  the  experimental  data  measured  for  a  32  kVp 
x-ray  energy  spectrum  as  shown  in  Table  1.3.  For  a  3  cm  Lucite  phantom,  the  difference 
between  the  calculated  and  measured  S/P  values  is  less  than  3%.  This  difference  is  less 
than  5%  for  the  6  cm  Lucite  phantom.  The  accuracy  in  the  calculated  S/P  values  shows 
that  scatter  radiation  can  be  accurately  estimated  using  Monte  Carlo  method. 


Table  1.3.  S/P  ratios  vs.  circular  x-ray  field  diameter  {d)  under  two  Lucite  phantom 
thicknesses  (T).  The  experimental  results  were  taken  from  the 
_ measurements  of  Barnes  and  Brezovich  [1]. _ 


d 

Experimental 

Results 

Present  Calculations 

(cm) 

T  =  3  cm 

T  =  6  cm 

T  =  3  cm 

T  =  6  cm 

4 

0,32 

0.54 

0.33 

0.54 

6 

0.37 

0.65 

0.39 

0.68 

10 

0.39 

0.80 

0.42 

0.84 

14 

0.40 

0.86 

0.44 

0.89 

1.4.  Discussion 

In  this  study,  the  breast  was  modeled  using  a  homogeneous  block  of  Lucite, 
whose  molecular  form  factors  are  available  for  Monte  Carlo  calculations.  Lucite  is  used  in 
many  mammographic  phantoms  including  the  RMI  156  phantom  used  for  accreditation 
purposes  by  the  American  College  of  Radiology.  Lucite  has  an  effective  atomic  number 
(6.5)  which  is  between  those  of  glandular  tissue  (7.4)  and  adipose  tissue  (5.9)  [1].  Fahrig 
et  al  measured  the  angular  distribution  of  scattered  photon  energy  using  a  breast 
equivalent  material  (BR12)  and  a  30  kV  Tungsten  anode  x-ray  source  [13].  This  scattered 
radiation  distribution  peaked  at  ~5°  which  is  similar  to  the  distribution  of  scattered 
radiation  measured  from  Lucite  [20,21].  It  is  therefore  reasonable  to  take  the  S/P  ratios 
obtained  with  a  Lucite  phantom  to  be  generally  applicable  to  the  values  expected  to  occur 
in  clinical  mammography. 

The  S/P  ratios  for  a  4  mm  wide  slot  detector  were  between  0. 1 0  to  0. 1 7,  which  are 
similar  to  those  encountered  in  conventional  screen-film  mammography  when  a  5 : 1  ratio 
grid  is  used  [4,6].  Increasing  the  slot  detector  width  to  10  mm  resulted  in  an  increase  in 
the  S/P  ratio  by  a  factor  of  ~1.8.  The  x-ray  tube  heat  loading  for  a  10  mm  wide  slot 
detector  is  only  40%  of  that  of  a  4  mm  wide  slot  detector.  Efficient  use  of  the  x-rays 
generated  in  the  x-ray  tube  would  reduce  the  scan  time  and  thereby  minimize  patient 
motion  artifacts  as  well  as  patient  discomfort.  In  addition,  more  efficient  use  of  the  x-ray 
beam  would  enable  filters  to  be  used  to  optimize  the  shape  of  the  x-ray  spectrum  to  better 
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match  the  imaging  needs  in  clinical  situations  [12,22], 

The  scatter  reduction  factor,  /,  decreased  as  the  Lucite  phantom  thickness  was 
increased.  This  result  is  expected  for  the  same  reason  that  the  observed  increase  in  S/P 
ratio  with  phantom  thickness  is  sublinear  [23],  The  increase  in  the  phantom  thickness  for  a 
constant  (or  no)  air  gap  results  in  an  additional  layer  of  material  which  will  contribute 
proportionally  less  to  the  scattered  radiation  in  the  detector.  The  reason  is  that  there  is  an 
effective  air  gap  (equal  to  the  original  phantom  thickness)  for  scattered  photons  produced 
in  this  additional  layer  of  material.  Clearly  the  relative  importance  of  the  additional  layer 
will  decrease  with  increasing  air  gap  which  is  responsible  for  the  decrease  of  scatter 
reduction  factor  with  increased  phantom  thickness  as  depicted  in  Table  1.2. 

In  conventional  screen-film  radiography,  scattered  radiation  is  rejected  by  the  use 
of  grids.  The  radiation  exposure  to  the  screen,  however,  needs  to  be  maintained  at  a 
constant  level  to  ensure  that  the  resultant  film  density  is  satisfactory.  This  requires  an 
increase  in  the  x-ray  tube  output  to  compensate  for  any  removed  scattered  and  primary  x- 
ray  photons,  and  normally  leads  to  an  approximate  doubling  of  the  mean  glandular  dose. 
Use  of  a  scatter  reduction  grid  with  a  digital  slot  detector  increased  the  mean  glandular 
dose  by  between  30  and  40%  as  a  result  of  the  increased  attenuation  of  the  primary  x-ray 
beam  [13].  Air  gaps  can  achieve  scatter  reduction  without  necessarily  increasing  the 
radiation  dose  and  are  an  attractive  option  for  use  in  a  slot  detector  geometry  particularly 
since  the  required  air  gaps  as  shown  in  Figures  1.4  and  1.5  are  much  smaller  than  those 
normally  considered  in  conventional  screen-film  mammography  [15]. 

The  effect  on  the  patient  dose  by  the  use  of  an  air  gap  with  a  slot  detector 
geometry  will  depend  on  both  the  characteristics  of  the  detector,  and  on  the  manner  in 
which  the  air  gap  is  introduced.  If  the  detector  is  quantum  noise  limited,  there  will  be  no 
need  to  increase  the  primary  exposure  to  maintain  the  same  SNR  providing  the  source  to 
detector  distance  is  kept  constant.  However,  if  there  is  a  significant  electronic  noise 
component  from  the  detector,  then  an  increase  in  the  x-ray  tube  output  would  be  needed 
to  maintain  the  same  SNR.  For  a  3  cm  air  gap  introduced  by  moving  the  detector  away 
from  the  patient,  the  patient  dose  would  increase  by  about  10%  because  of  the  inverse 
square  law  fall  off  in  x-ray  beam  intensity  for  a  source  to  detector  distance  of  ~60  cm. 

For  the  slot  geometry  considered  in  this  study,  the  S/P  ratios  decreased  as  the 
photon  energy  increased.  This  differs  from  the  case  of  mammography  performed  with 
large  area  detectors  where  the  S/P  ratios  generally  shown  little  dependence  on  the  x-ray 
energy  [1,2].  The  reason  for  this  behavior  is  that  in  a  slot  detector  geometry,  it  is  only  the 
forward  scattered  photons  which  contribute  to  the  S/P  ratio  whereas  in  area  detectors, 
photons  scattered  through  large  angles  will  also  contribute  to  the  S/P  ratio.  The  relatively 
constant  energy  dependence  of  the  S/P  ratio  for  area  detectors  is  a  result  of  the  increasing 
contribution  of  Compton  scattered  photons  which  increase  with  photon  energy  (see  Figure 
1.5).  Coherent  scattered  photons  are  primarily  forward  scattered  and  their  contribution  to 
the  S/P  ratio  generally  decreases  with  increasing  photon  energy. 


15 


Predoctoral  Fellowship  Research  Project  Final  Report:  Zhenxue  Jing 


At  20  keV,  there  are  about  four  times  more  photons  which  undergo  Compton 
scattering  than  coherent  scattering  in  the  Lucite  phantom.  Despite  this  fact,  the 
contribution  of  coherent  scatter  to  the  S/P  ratios  is  larger  than  that  of  Compton  scatter  at 
energies  below  25  keV  as  shown  in  Figure  1.5(a).  This  occurs  because  the  most  coherently 
scattered  photons  have  a  small  angular  divergence  whereas  the  angular  distribution  of 
Compton  scattered  photons  is  approximately  isotropic.  This  also  explains  why  an  air  gap 
is  more  efficient  in  rejecting  the  Compton  scattered  photons  and  why  the  two  processes 
make  equal  contributions  at  a  higher  photon  energy  (~36  keV)  with  the  3  cm  air  gap 
shown  in  Figure  1.5(b). 

X-ray  detection  materials  currently  being  investigated  for  scanning  slot  digital 
mammography  include  Gd202S:Tb  phosphor,  CsTTl  crystal,  plastic  scintillating  fiber 
screens,  and  hybrid  photodiode  array.  Figure  6  shows  that  choice  of  x-ray  detection 
material  in  a  slot  detector  had  very  little  effect  on  the  resultant  S/P  ratio.  In  the  case  of 
area  detectors,  however,  the  S/P  ratios  of  an  ideal  screen  and  a  Min-R  screen  show 
markedly  different  responses  [2,15].  The  reason  why  a  slot  detector  geometry  shows  little 
dependence  on  the  detector  material  is  that  most  scattered  photons  reaching  the  slot 
detector  have  directions  and  energies  which  are  similar  to  those  of  the  primary  photons. 
This  finding  suggests  that  the  results  obtained  in  this  study  will  be  applicable  to  any  type 
of  detection  material  providing  the  geometry  is  similar  to  those  investigated  in  this  work. 

L5.  Conclusion 

At  x-ray  energies  used  in  mammography,  the  S/P  ratios  for  a  4  mm  wide  slot 
detector  ranged  from  about  0.10  to  0.17,  and  was  comparable  to  the  S/P  ratios  in  screen- 
film  mammography  with  a  5:1  ratio  grid.  The  S/P  ratios  for  a  10  mm  wide  slot  detector 
were  found  to  be  in  the  range  fi'om  about  0.16  to  0.32  but  were  reduced  by  a  factor  of 
about  three  by  the  use  of  a  3  cm  air  gap.  The  ratio  of  coherent  to  Compton  scattered 
photons  decreased  with  increasing  photon  energy  and  the  relative  importance  of  coherent 
scattering  increased  with  the  introduction  of  an  air  gap.  The  detector  material  used  made 
little  difference  to  the  computed  S/P  ratios  with  an  ideal  detector  giving  results  similar  to 
those  of  a  Gd202S;Tb  phosphor  screen.  The  optimum  design  for  a  scanning  slot 
mammography  system  would  likely  employ  a  slot  detector  width  of  ~10  mm  and  use  an  air 
gap  of  ~3  cm. 
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n.  Investigation  of  Ima2ing  Characteristics  of  the  Plastic  Scintillating  Fiber  Screens 
n.1  Introduction 


The  primary  goal  of  this  research  is  to  design  a  new  plastic  scintillating  fiber  screen 
(SFS)  and  optimize  its  composition  for  the  best  possible  imaging  performance  to  replace 
phosphor  screen  in  a  scanning  slot  digital  x-ray  imaging  detector  for  mammography. 

An  SFS  is  composed  of  individual  plastic  scintillating  fibers  fused  together  with 
their  axes  aligned  to  the  direction  of  the  incident  x-ray  beam.  Because  the  scintillation  light 
dispersion  is  limited  to  the  individual  fiber  diameter,  a  relatively  thick  SFS  can  be  used  to 
increase  its  x-ray  interaction  efficiency  without  degrading  spatial  resolution.  The 
scintillation  decay  time  of  a  plastic  scintillator  is  only  a  few  nanoseconds  which  guarantees 
no  loss  of  MTF(^  when  an  SFS  is  used  in  a  scanning  detector. 

In  this  project,  we  investigated  the  effect  of  loading  high  Z  elements  including  tin 
and  lead  on  the  zero  spatial  frequency  detective  quantum  efficiency,  DQE(O),  and  MTF(/) 
of  the  plastic  SFSs.  The  effects  of  the  SFS  thickness  and  scintillating  fiber  diameter  on  the 
DQE(O)  and  MTF(/)  were  also  studied. 


n.2.  Theory 


Zero  spatial  frequency  detective  quantum  efficiency 


Noise  due  to  the  x-ray  conversion  processes  within  an  x-ray  detector  based  on  the 
phosphor  screens  has  been  characterized  by  the  Swank  factor.  As  [!]•  Calculation  of  As 
can  be  performed  from  the  phosphor  screen  scintillation  light  output  intensity  distribution 
when  x-rays  of  monoenergetic  energy  incident  on  the  phosphor  screen  [2,3].  In  an  SFS, 
emitted  scintillation  light  is  collected  and  transmitted  to  the  SFS  output  due  to  the  total 
reflection  principle.  The  number  of  light  photons  exiting  the  SFS  is  proportional  to  the 
total  number,  N,  of  light  photons  emitted  per  absorbed  x-ray,  and  is  independent  on  the 
depth  of  x-ray  interaction  within  the  SFS.  In  this  study,  the  emitted  light  intensity 
distribution,  P(N),  was  therefore  used  to  obtain  the  Swank  factor  as  given  by  [2] 


As  = 


/770/772 


where  the  /th  moment  of  P(N)  is  defined  as 

^max  ; 

nij  =  2  P(N)N 
0 

For  monoenergetic  incident  x-ray  energy,  it  has  been  shown  that  the  zero  spatial 
frequency  detective  quantum  efficiency,  DQE(O),  of  a  phosphor  screen  is  given  by  [2,4] 

DQE(0)=t]-As 

where  t|  is  the  x-ray  interaction  efficiency,  which  is  the  fraction  of  incident  x-rays  which 
interact  within  the  phosphor  screen. 
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Modulation  transfer  fiinction 


Two  stages  in  the  image  formation  using  an  SFS  determine  the  screen  spatial 
resolution.  First,  x-ray  interactions  with  the  SFS  include  Compton  scattering,  coherent 
scattering,  and  photoelectric  effect.  An  incident  x-ray  undergoes  single  or  multiple 
interactions  before  being  totally  absorbed  or  scattered  out  of  the  SFS.  This  leads  to  the 
spread  of  incident  x-ray  energy  deposition  from  the  primary  interaction  site.  Second,  the 
emitted  light  is  collected  by  the  scintillating  fibers  and  transmitted  to  the  SFS  output.  The 
MTF(/)  of  an  SFS,  MTFs(^,  is  therefore  given  by 

MTFs{f)  =  MTFE{fyMTFXf) 

where,  MTFe(/)  is  the  spatial  resolution  of  the  incident  x-ray  energy  spread.  For  an  SFS 
made  of  uniformly  packed  scintillating  fibers  of  same  diameter,  d,  MTFo(/)  is  given  by 

Tcfa 

n.3.  Scintillating  Fiber  Screens 

The  plastic  scintillating  fiber  screen 


A  schematic  of  a  slot  shaped  plastic  scintillating  fiber  screen  (SFS)  designed  for 
this  project  is  shown  in  Figure  II.  1 . 


Plastic  Scintillating 
Fiber  Screen 


Figure  III.  A  slot  shaped  plastic  scintillating  fiber  screen  (SFS). 


Because  plastic  scintillators  have  much  lower  x-ray  stopping  power  than  phosphor 
screens  used  for  mammography,  it  is  necessary  that  the  thickness  of  a  plastic  SFS  should 
be  greater  than  1  cm  to  produce  a  reasonably  high  x-ray  quantum  absorption  efficiency. 
To  take  account  of  the  parallax  effect  as  a  result  of  this  relatively  larger  thickness,  the  fiber 
axes  are  arranged  to  be  parallel  to  the  direction  of  the  incident  x-rays,  as  shown  in  Figure 
II.  1 .  At  the  end  of  the  slot  detector  closest  to  the  chest  wall,  the  fibers  are  normal  to  the 
slot  plane  and  vertically  below  the  x-ray  focal  spot. 
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A  layer  of  reflective  coating  which  painted  on  the  SFS  front  surface  reflects  the 
light  transmitted  to  this  surface  back  to  the  SFS  output.  The  measured  SFS  output 
increased  by  a  factor  of  1 .8. 

At  x-ray  energies  used  in  mammography,  a  large  fraction  of  the  x-ray  interactions 
within  the  plastic  SFS  is  Compton  scattering.  The  majority  of  the  original  x-ray  photon 
energy  is  carried  away  by  the  Compton  scattered  photons.  For  example,  the  minimum 
scattered  x-ray  photon  energy  is  about  18.55  keV  and  26.85  keV  for  20  keV  and  30  keV 
incident  x-ray  photons  respectively.  The  Compton  scattered  photon  can  either  escape  the 
SFS  without  interaction  (loss  of  information),  or  interact  again  in  a  remote  location  within 
the  SFS  by  photoelectric  absorption  (register  false  information). 

Adding  a  small  amount  of  high  Z  element  into  the  plastic  scintillating  fiber  core 
material  not  only  improves  the  SFS  x-ray  interaction  efficiency,  but  also  increases  the  SFS 
photoelectric  effect  cross  section.  However,  addition  of  the  high  Z  elements  in  the  plastic 
scintillator  also  leads  to  a  decreased  scintillation  light  output  (or  quenching)  [5,6].  The 
choice  of  a  high  Z  element  need  to  be  studied  and  its  concentration  shall  be  optimized. 

In  this  study,  the  imaging  properties  of  two  high  Z  element  loaded  SFSs  were 
compared  to  that  of  a  pure  polystyrene  (PS)  based  plastic  SFS,  SFS:PS.  One  SFSs 
contains  10%  by  weight  of  tin  element  in  its  scintillating  fiber  core  material,  SFS:Sn.  The 
other  is  loaded  with  5%  by  weight  of  lead,  SFS:Pb.  The  energy  conversion  efficiency,  e,  of 
all  three  SFSs  is  4.5%.  The  fraction,  q,  of  the  scintillation  light  lost  due  to  quenching  is 
20%  for  both  high  Z  element  loaded  SFSs.’’*  All  three  slot  shaped  SFSs  investigated  were 
2  cm  in  thickness,  0.8  cm  wide  and  20  cm  long.  The  diameter,  d,  of  the  scintillating  fibers 
used  was  20  pm. 

The  high  Z  element  which  produces  better  image  quality  was  selected.  The  SFS 
was  then  optimized  based  on  the  concentration  of  this  high  Z  element  in  the  scintillating 
fiber,  the  SFS  thickness,  and  the  diameter,  d,  of  the  scintillating  fibers. 

Scintillation  Light  Emission 

The  absorption  of  x-ray  energies  causes  the  excitation  of  molecules  in  the 
scintillating  fiber  core.  The  fluorescence  processes  arise  fi'om  transitions  in  the  energy 
level  structures  of  these  excited  molecules.  The  energy  conversion  efficiency,  s,  of  a 
plastic  scintillator  is  defined  as  the  fraction  of  all  incident  particle  energy  which  is 
converted  into  visible  light.  One  would  always  prefer  this  efficiency  to  be  as  large  as 
possible.  Unfortunately,  there  are  alternate  de-excitation  processes  available  to  the  excited 
molecules  which  do  not  involve  the  emission  of  light  and  in  which  the  excitation  is 
degraded  mainly  to  heat.  As  a  result,  s  of  the  Polystyrene  based  plastic  scintillators 
typically  low,  and  is  about  3%  [7]. 

In  order  to  use  a  plastic  SFS  for  mammography,  methods  to  efficiently  convert  the 
x-ray  energy  into  scintillation  light  must  be  developed.  In  this  project,  two  solutes  were 
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used:  A  primary  solute  and  3-Hydroxyflavone  (SHF).  Energy  transfer  between  Polystyrene 
and  the  primary  solute  is  through  a  resonant  dipole-dipole  process,  with  fluorescence 
emission  peaking  at  about  340  nm.  Energy  transfer  between  the  two  solutes  is  through  the 
radiative  process  in  which  emission  is  followed  by  absorption  of  light.  We  have  achieved  a 
measured  s  of  >  4.5%  due  to  the  use  of  the  primary  solute.  The  use  of  SHF  shifts  the 
scintillation  light  spectrum  (peak  at  530  nm)  to  a  closer  match  with  the  CCD  where  the 
CCD  quantum  efficiency  is  high.  Figure  II.  2  shows  the  absorption  and  fluorescence 
spectra  of  SHF  in  Polystyrene. 


Figure  11.2.  Absorption  and  fluorescence  spectra  of  SHF  in  polystyrene  (PS). 

Although  Polystyrene  based  plastic  scintillator  is  transparent  to  the  fluorescence  of 
SHF,  there  is  some  overlap  between  the  optical  absorption  and  emission  spectra  of  the 
primary  solute.  This  leads  to  the  self-absorption  of  fluorescence.  In  this  study,  a  15%  light 
loss  (L)  was  used  to  account  for  this  self-absorption. 

Scintillation  Light  Collection 

Scintillation  light  produced  by  the  ionizing  photoelectron  is  guided  by  internal 
reflections  along  the  fiber,  as  shown  in  Figure  11.3. 


Extramural 

absorber 


Figure  ITS.  Transmission  of  scintillation  light  within  a  scintillating  fiber 
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Visible  light  emitted  within  the  critical  angle  0c  will  transmitted  along  each  fiber.  0c 
can  be  calculated  from  0c  =  cos'\nciad/ncore).  Where  Uciad  and  ncore  are  the  refractive  indexes 
of  the  optical  fiber  cladding  and  core  materials.  A  layer  of  extramural  absorber  material  is 
coated  to  the  fiber  cladding  to  absorb  those  light  photons  which  penetrate  the  fiber 
core/cladding  interface. 

The  fraction  (F)  of  scintillation  light  which  is  transmitted  within  a  fiber  in  one 
direction  is  given  by 

F  =  --(l--^^)100% 

I  n 

^  "core 

The  values  of  F  for  some  combinations  of  polymers  are  given  in  Table  below. 

Core  Material  Cladding  Material  F  (%) 

Polystyrene  (PS)  (n=  1.5 9)  PMMA(n=1.49)  3.1 

PS  Fluorinated  Polymer  (FP)  (n=l. 35)  7.5 

The  critical  angle,  0c,  is  calculated  to  be  31.9°  for  PS/FP  fiber,  and  20.4°  for 
PS/PMMA  fiber.  Conventional  plastic  scintillating  fibers  uses  the  PS/PMMA 
core/cladding  combination.  We  have  successfully  developed  PS/FP  core/cladding 
scintillating  fibers  for  this  project.  This  is  also  a  very  important  step  in  maximizing  the 
scintillating  output  from  the  SFS. 

n.4.  Monte  Carlo  Simulations 

The  EGS4  Monte  Carlo  (MC)  code  [8]  was  used.  In  all  simulations, 
monoenergetic  x-rays  from  a  point  source  were  normally  incident  on  the  SFS.  Three  x-ray 
interaction  processes  with  the  SFSs  were  included:  Compton  scattering,  coherent 
scattering,  and  photoelectric  effect.  Scattered  x-rays  can  either  interact  again  in  a  remote 
location  within  the  SFS,  or  escape  without  being  absorbed.  For  tin  and  lead  loaded  SFSs, 
characteristic  x-rays  could  be  emitted  following  photoelectric  interactions.  The  Compton 
recoil  electrons,  photoelectrons  and  Auger  electrons  were  assumed  to  deposit  their 
energies  in  the  x-ray  interaction  sites. 

X-ray  interaction  efficiency,  ti,  was  computed  as  the  ratio  of  the  number  of 
incident  x-rays  interacted  within  the  SFS  to  the  total  number  of  incident  x-rays  (history) 
used  for  each  simulation.  The  average  number,  Nexu,  of  visible  photons  (2.34  eV)  exiting 
the  SFS  per  incident  x-ray  was  calculated  using  the  equation 

Nexit  =  e-O-  L)■(^-q)■F  ■^.8/2.Z4 

where  Eab  (in  eV)  is  the  average  energy  absorption  per  incident  x-ray  photon. 

In  the  Swank  factor  analysis,  total  x-ray  energy  deposited,  Ed,  from  each  interacted 
incident  x-ray  was  generated.  Ed  varies  due  to  the  variation  in  the  x-ray  absorption 
processes.  For  each  Ed,  the  average  number  of  light  photons  emitted,  N,  is  given  by 
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We  took  the  wavelength  of  all  emitted  light  photons  to  be  530  nm  (2.34  eV).  The 
conversion  from  Ea  to  the  number,  N,  of  light  photons  emitted  is  also  a  random  process 
which  is  described  by  a  Poison  distribution  with  mean  equal  to  N .  In  the  simulation,  for 
each  N  computed,  N  was  generated  using  the  rejection  sampling  method  [9],  The  resultant 
emitted  light  intensity  distribution,  P(N),- was  used  to  calculate  the  Swank  factor. 

The  point  spread  functions,  PSFe,  of  the  spread  of  x-ray  energy  deposition  were 
generated  for  monoenergetic  x-ray  energies  from  15  to  50  keV.  The  SFS  was  divided  into 
a  two  dimensional  array  composed  of  squares  of  5  pm^  size.  Total  energy  deposition,  Ey, 
inside  a  square  centered  at  (xi,yj)  from  the  normally  incident  pencil  beam  of  x-rays  was 
calculated.  By  definition,  we  have  PSFe  =  Eij.  The  line  spread  function,  LSFe,  of  this 
deposited  energy  spread  was  calculated  by  integrating  the  point  spread  function  in  one 
dimension.  LSFe  is  therefore  given  by 

+00 

LSFe=  S  Eij 

j=-00 

MTFe  was  obtained  from  the  modulus  of  the  Fourier  transform  of  the  LSFe. 
n.5.  Selection  of  a  High  Z  Element  Loaded  SFS 
X-rav  interaction  efficiency 

The  x-ray  interaction  efficiency  is  shown  in  Figure  II.4  as  a  function  of  incident  x- 
ray  energy  for  the  three  SFSs  and  a  Kodak  Min-R  screen  [10].  Loading  high  Z  elements 
into  a  plastic  SFS  significantly  improved  its  x-ray  interaction  efficiency.  X-ray  interaction 
efficiency  of  SFS:Sn  or  SFS:Pb  was  higher  than  that  of  the  Kodak  Min-R  screen. 


Figure  II.4.  X-ray  interaction  efficiency  for  three  SFSs  and  a  Kodak  Min-R  screen. 
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Swank  factor 

Figures  11.5(a)  and  (b)  show  the  emitted  light  intensity  distributions,  P(N),  for  the 
SFSs  at  20  and  50  keV  x-ray  energies.  P(N)s  of  the  SFS;PS  are  always  composed  of  a 
photopeak  and  a  Compton  continuum.  P(N)’s  of  the  high  Z  element  loaded  SFSs  are 
dominated  by  the  photopeak.  The  photopeaks  of  the  high  Z  element  loaded  SFSs  shift  to  a 
smaller  N  value  than  that  of  the  SFS:PS  photopeak.  This  is  due  to  the  quenching  of 
scintillation  light  by  the  addition  of  high  Z  elements  in  the  SFS. 


Number  of  Light  Photons  Emitted,  N 


(a)  (b) 

Figure  II.  5.  Emitted  light  intensity  distributions  for  three  SFSs  at  (a)  20, 
and  (b)  50  keV  x-ray  energies. 

Figure  II. 6  shows  the  calculated  As  of  the  SFSs  as  a  function  of  incident  x-ray 
energy.  The  measured  As  of  an  Min-R  screen  [11]  is  also  shown  in  Figure  4.  As  of  the 
SFS;PS  decreases  quickly  as  x-ray  energy  increases  which  is  due  to  the  reduced 
photoelectric  interaction  cross  section  with  increasing  incident  x-ray  energy.  Because 
P(N)’s  of  SFS:Pb  are  dominated  by  the  photopeak.  As  of  the  SFS:Pb  is  close  to  unity  from 
15  to  50  keV.  At  x-ray  energies  below  the  tin  K-edge  (29.2  keV),  As  of  the  SFS:Sn  is  also 
close  to  unity.  Although  it  drops  abruptly  just  above  the  tin  K-edge,  As  of  SFS:Sn 
increases  as  x-ray  energy  increases  further.  The  results  show  that  Swank  factors  of  both 
the  SFS:Pb  and  SFS'.Sn  are  significantly  higher  than  that  of  an  Min-R  screen. 
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Figure  II.  6.  Swank  factor,  A^,  as  a  function  of  incident  x-ray  energy  for 
three  SFSs  and  an  Min-R  screen. 

Zero  spatial  frequency  DOE 

Figure  II.  7  shows  the  DQE(O)  as  a  function  of  incident  x-ray  energy  for  the  three 
SFSs.  The  DQE(O)  of  an  Min-R  screen  is  also  shown  in  Figure  II.7.  Loading  high  Z 
elements  significantly  improves  the  DQE(O)  of  the  plastic  SFS.  DQE(O)  of  the  SFS:Pb 
ranges  from  about  99%  to  62%  from  15  to  50  keV,  and  is  primarily  determined  by  its  x- 
ray  interaction  efficiency.  DQE(O)  of  the  SFS:Sn  is  greater  than  80%.  In  the  20  to  30  keV 
x-ray  energy  range,  DQE(O)  of  the  high  Z  element  loaded  SFSs  is  a  factor  of  three  higher 
than  the  DQE(O)  of  the  Min-R  screen.. 


Figure  II.  7.  DQE(O)  plotted  as  a  function  of  incident  x-ray  energy  for  three 
SFSs  and  an  Min-R  screen. 
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Modulation  transfer  functions 


Figure  II.  8  shows  the  MTFo(/)  for  an  SFS  made  of  scintillating  fibers  of  20  |a.m 
diameter.  MTFo(/)  values  are  0.98,  0.93,  0.85  and  0.75  at  5,  10,  15  and  20  Ip/mm, 
respectively. 


Figure  11.8.  MTFo(/)  for  an  SFS  with  individual  fiber  diameter  of  20  pm. 

Figure  II.9  shows  the  calculated  LSFe  curves  at  20,  35,  and  50  keV  incident  x-ray. 
The  major  difference  in  the  LSFe  curves  of  the  three  SFSs  is  shown  in  the  tails  of  these 
curves.  LSFe  of  the  SFS:PS  shows  little  dependence  on  the  incident  x-ray  energy,  and  has 
the  smallest  spread  among  the  three  SFSs.  The  reason  is  that  scattered  x-rays  carry  most 
of  the  incident  x-ray  energy  and  has  the  highest  probability  to  escape  in  the  SFS;PS.  For 
SFS:Pb,  the  tail  in  its  LSFe  curve  becomes  smaller  as  the  x-ray  energy  increases.  This  is 
mainly  due  to  the  increased  energy  transfer  to  the  photoelectrons  which  deposit  their 
energies  at  the  primary  interaction  site.  LSFe  of  SFS:Sn  at  20  keV  is  better  than  the  LSFe 
of  SFS:Pb  at  all  incident  x-ray  energies.  However,  the  reabsorption  of  tin  K  x-rays  causes 
large  degradation  in  the  resultant  LSFe  at  35  keV  x-ray  energy.  Similar  to  the  SFS:Pb,  the 
tail  in  the  LSFe  of  the  SFSiSn  at  50  keV  is  smaller  than  at  35  iceV. 

It  was  noted  that  the  assumption  of  electrons  depositing  their  energies  in  the  x-ray 
interaction  sites  is  reasonable  for  Compton  recoil  electrons  (less  than  9  keV  electron 
energy)  and  Auger  electrons.  However,  the  energy  of  the  photoelectron  increases  with 
increasing  x-ray  energy  at  incident  x-ray  energies  greater  than  the  K-  or  L-edge  of  the  high 
Z  elements.  A  15  keV  photoelectron  from  a  20  keV  x-ray  interaction  can  travel  a  distance 
of  about  5  pm  before  its  energy  being  completely  absorbed.  Thus,  for  mammographic  x- 
ray  energies,  the  photoelectron  range  only  has  a  small  effect  on  the  calculated  LSFe  curves 
shown  in  Figure  II.  9. 
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Figure  II.  10  shows  the  MTFs(/)  curves  of  the  three  SFSs  at  20,  35  and  50  keV 
incident  x-ray  energies.  For  each  SFS,  MTFs(/)  drops  quickly  in  the  range  from  0  to  2 
Ip/mm  due  to  the  spread  of  x-ray  energy  deposition  from  the  primary  interaction  site. 
Nevertheless,  the  MTFs(/)  values  of  all  SFSs  remain  high  (>  50%)  beyond  25  Ip/mm  and 
are  dominated  by  the  20  pm  scintillating  fiber  diameter  used. 


Figure  11.10.  MTFs(/)  curves  of  three  SFSs  made  of  individual  scintillating  fibers 
of  20  pm  diameter  at  20,  35,  and  50  keV  incident  x-ray  energies. 
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Table  below  summarizes  the  MTFs(/)  values  of  all  SFSs  at  5,  10,  15  and  20  Ip/mm 
spatial  frequencies  at  20  keV  x-ray  energy.  However,  at  x-ray  energies  significantly  higher 
than  the  K-  or  L-edges  of  the  high  Z  elements,  the  MTFs(/)  values  were  overestimated  at 
high  spatial  frequency  due  to  the  increasing  transverse  range  of  the  photoelectrons. 


/(Ip/mm) 

MTFs(/) 

SFSiPS 

SFS;Pb 

SFS:Sn 

5 

0.94 

0.85 

0.93 

10 

0.90 

0.81 

0.89 

15 

0.82 

0.74 

0.81 

20 

0.73 

0.65 

0.72 

Summary 

We  have  investigated  theoretically  the  effect  of  loading  high  Z  element,  lead  and 
tin,  on  the  zero  spatial  frequency  detective  quantum  efficiency  and  modulation  transfer 
function  of  a  slot  shaped  plastic  scintillating  fiber  screen  in  mammography.  Loading  high  Z 
elements  markedly  improved  the  DQE(O)  of  the  plastic  SFS.  DQE  (0)  of  SFS:Pb  is 
primarily  determined  by  the  SFS  x-ray  interaction  efficiency,  and  is  greater  than  90%  for  a 
2  cm  thick  SFS  at  x-ray  energies  lower  than  30  keV.  For  SFS:Sn,  the  DQE(O)  is  greater 
than  80%  from  15  to  50  keV.  The  DQE(O)  of  a  high  Z  element  loaded  SFS  was  found  to 
be  about  a  factor  of  three  higher  than  the  DQE(O)  of  an  Min-R  screen  for  mammography. 
At  mammographic  x-ray  energies,  MTF(/)  values  of  all  three  SFSs  are  greater  than  50%  at 
25  Ip/mm  spatial  frequency,  and  dominated  by  the  20  pm  scintillating  fiber  diameter  used 
in  this  analysis. 

Compared  to  the  5%  by  weight  of  lead  loaded  SFS,  the  addition  of  10%  by  weight 
of  tin  in  the  SFS  showed  less  effect  on  the  computed  MTF(/)  of  the  SFSs.  Based  on  this 
result,  we  have  selected  tin  as  the  high  Z  element  to  be  loaded  in  an  SFS  to  be  used  in  a 
scanning  slot  x-ray  detector  for  mammography. 

n.6.  Optimization  of  the  Tin  Loaded  Plastic  Scintillating  Fiber  Screens 
Optimization  of  tin  concentration  in  the  plastic  scintillating  fiber 

Figure  II.  1 1  shows  the  x-ray  interaction  efficiency  as  a  function  of  x-ray  energy  for 
three  2  cm  thick  SFSs  with  5%,  7.5%,  and  10%  by  weight  of  tin  loaded  into  the  plastic 
scintillating  fiber  core  material.  As  expected,  the  x-ray  interaction  efficiency  improves  with 
increasing  tin  concentration  at  a  constant  SFS  thickness.  For  the  7.5%  by  weight  tin 
loaded  SFS,  its  x-ray  interaction  efficiency  is  greater  than  80%  at  all  x-ray  energies 
encountered  in  mammography. 


29 


Predoctoral  Fellowship  Research  Project  Final  Report:  Zhenxue  Jing 


X-ray  Energy  (keV) 


Figure  II.  1 1 .  X-ray  interaction  efficiency  as  a  function  of  x-ray  energy  for  three  2 
cm  thick  SFSs  with  5%,  7.5%,  10%  by  weight  of  tin  concentration. 

Table  below  shows  the  average  number  of  photons  output  from  the  above 
mentioned  three  SFSs  per  absorbed  x-ray  as  a  function  of  x-ray  energy.  Based  on  our 
measurement  of  the  tin  loaded  plastic  scintillators,  the  fraction,  q,  of  the  scintillation  light 
lost  due  to  quenching  is  assumed  to  be  10%,  15%,  and  20%  for  5%,  7.5%,  and  10%  tin 
loaded  SFSs,  respectively.  The  average  number  of  photons  ranges  from  about  30  to  50  at 
mammographic  x-ray  energies,  and  decreases  with  increased  tin  concentration. 


Enersv  (keVI 

5%  Sn  loaded  SFS 

7.5%  Sn  loaded  SFS 

10%  Sn  loaded  SFS 

15 

30 

28 

26 

20 

39 

37 

35 

25 

48 

46 

43 

28 

52 

50 

48 

35 

52 

52 

50 

40 

61 

61 

60 

45 

69 

70 

68 

50 

77 

77 

76 

It  is  desired  that  large  number  of  photons  to  be  generated  per  absorbed  x-ray 
within  an  SFS  to  eliminate  quantum  sink  between  the  SFS  and  the  photon  detectors  (such 
as  CCD)  used  to  form  the  final  electronic  image.  We  concluded  that  the  addition  of  7.5% 
by  weight  tin  within  the  SFS  is  optimized  for  both  x-ray  interaction  efficiency  and  x-ray 
energy  conversion  efficiency. 

The  results  presented  hereinafter  are  for  7.5%  bv  weight  of  tin  loaded  SFSs. 
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The  effect  of  the  SFS  thickness  on  image  quality 


Figure  11.12  shows  that  the  x-ray  interaction  efficiency  increases  with  increasing 
SFS  thiclmess.  The  x-ray  interaction  efficiency  of  the  20  mm  thick  SFS  is  greater  than 
80%  at  x-ray  energies  below  tin  K-edge  (29.2  keV). 


Figure  11.12.  X-ray  interaction  efficiency  for  7.5%  by  weight  of  tin  loaded  SFSs. 

Figure  11.13  shows  Nexit,  the  number  of  visible  photons  output  from  the  SFS  per 
incident  x-ray  photon,  as  a  function  of  x-ray  energy.  Nexit  is  generally  in  the  range  between 
30  and  40  for  x-ray  energies  normally  encountered  in  mammography. 


Figure  11.13.  Number  of  photons  output  from  7.5%  by  weight  of  tin  loaded  SFSs. 


Figure  II.  14  shows  the  Swank  factor  as  a  function  of  incident  x-ray  energy.  The 
computed  Swank  factor  showed  little  dependence  on  the  SFS  thicknesses  investigated. 
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Figure  11.14.  Swank  factors  for  the  7.5%  by  weight  of  tin  loaded  SFSs. 


Figure  11.15  shows  the  DQE(O)  as  a  function  of  incident  x-ray  energy.  At  x-ray 
energies  below  tin  K-edge,  DQE(O)  is  dominated  by  the  x-ray  interaction  efficiency.  The 
DQE(O)  of  the  20  mm  thick  SFS  was  >  80%  at  the  photon  energies  normally  encountered 
in  mammography. 


Figure  11.15.  DQE(O)  values  for  the  7.5%  by  weight  of  tin  loaded  SFSs. 

The  effect  of  scintillating  fiber  diameter  on  image  quality 

Figure  11.16  shows  the  MTFs(f)  curves  at  20  and  35  keV  incident  x-ray  energies. 
The  MTFs(f)  values  showed  negligible  dependence  on  the  SFS  thickness.  The  spread  of 
deposited  energy  from  the  primary  interaction  site  leads  to  a  drop  of  MTF  values  at  spatial 
frequencies  less  than  2  Ip/mm.  The  reabsorption  of  tin  K  x-rays  (K  edge  =  29.2  keV) 
introduced  a  further  reduction  of  MTF  values  at  35  keV.  Nevertheless,  MTF  values  were 
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found  to  be  greater  than  60%  at  20  Ip/mm  for  the  SFS  made  of  20  pm  scintillating  fibers 
at  x-ray  energies  below  the  tin  K  edge. 


Figure  11.16.  MTFs(f)  curves  of  the  20  mm  thick,  7.5%  by  weight  tin  loaded  SFSs. 
Summary 

We  found  that  the  addition  of  7.5%  by  weight  of  tin  in  the  plastic  scintillating  fiber 
core  material  results  in  both  high  x-ray  interaction  and  energy  conversion  efficiency  for  the 
SFS  to  be  used  in  a  scanning  slot  x-ray  detector  for  mammography.  Under  this  condition, 
DQE(O)  values  of  a  20  mm  thick  SFS  were  greater  than  80%.  MTF(f)  values  showed 
negligible  variance  over  SFS  thickness  from  10  to  25  mm  and  were  found  to  be  greater 
than  60%  for  the  SFS  made  of  20  pm  scintillating  fibers. 

Our  results  show  that  high  DOE(O')  and  spatial  resolution  can  be  achieved  with  a 
20  mm  thick  SFS  composed  of  7.5%  by  weight  tin  loaded.  20  pm  plastic  scintillating 
fibers. 
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DL  Development  of  A  Scanning  Slot  Digital  X-ray  Detector  for  Mammography 
in.l.  Introduction 

Figure  III.l  shows  a  scintillating  fiber  screen  based  scanning  slot  digital  imaging 
system  designed  for  mammography.  A  fan  beam  of  x-rays  is  formed  at  the  x-ray  source, 
and  is  always  collimated  to  the  slot  x-ray  detector  sensitive  area.  The  slot  x-ray  detector  is 
mounted  rigidly  relative  to  the  x-ray  tube.  To  acquire  a  whole  breast  image,  this  fan  beam 
of  x-rays  and  the  slot  x-ray  detector  are  scanned,  in  the  direction  parallel  to  the  chest  wall, 
at  about  5  cm/second  in  a  linear  motion,  a  total  distance  of  greater  than  20  cm  from  a 
position  beyond  one  side  of  the  breast  to  the  other  side  of  the  breast.  Movement  of  the  x- 
ray  tube  plus  detector  system  relative  to  the  compressed  breast  is  under  computer  control. 

The  x-ray  generator  is  capable  of  operating  continuously  for  4  seconds  with 
uniform  output.  A  W-anode  x-ray  tube  with  an  0.3  mm  focal  spot  size  and  0.030  mm 
added  molybdenum  (Mo)  filter  will  be  used.  The  slot  shaped  scintillating  fiber  screen 
(SFS)  is  20  cm  long  and  0.8  cm  wide.  The  x-ray  tube  focal  spot  to  slot  detector  distance  is 
60  cm. 


Front  View  Side  View 


Figure  III.  1 .  Schematic  of  the  Scanning  Slot  Digital  Mammography  System 

in.2.  A  scintillating  fiber  screen  based  slot  x-ray  detector 

A  schematic  of  the  scintillating  fiber  screen  (SFS)  based  digital  mammography 
detector  is  shown  in  Figure  III.2.  The  20  cm  long,  0.8  cm  wide  slot  shaped  detector  is 
formed  by  eight  modules.  Each  module  is  composed  of  a  2  cm  thick  7.5%  by  weight  tin 
loaded  SFS,  a  microfiber  image  guide  with  1:1  input  to  output  ratio,  and  a  front- 
illuminated  1100  X  330  pixels  CCD  with  24  pm  pixel  size.  The  image  guide  is  composed 
of  the  same  fibers  used  to  make  the  SFS,  and  is  actually  a  continuation  of  the  SFS.  The 
bend  in  the  image  guide  eliminates  the  physical  interference  between  the  CCDs,  and  also 
ensures  that  the  CCDs  are  not  directly  exposed  to  the  primary  x-ray  field. 
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Figure  III.  2.  Schematic  of  a  scintillating  fiber  screen  based  slot  x-ray  detector 


A  schematic  of  the  slot  shaped  SFS  is  shown  in  Figure  III. 3.  To  take  account  of 
the  parallax  effect  as  a  result  of  this  relatively  larger  thickness,  the  fiber  axes  are  arranged 
to  be  parallel  to  the  direction  of  the  incident  x-rays.  At  the  end  of  the  slot  detector  closest 
to  the  chest  wall,  the  fibers  are  normal  to  the  slot  plane  and  vertically  below  the  x-ray 
focal  spot.  A  layer  of  reflective  coating  which  painted  on  the  SFS  front  surface  will  reflect 
the  light  transmitted  to  this  surface  back  to  the  SFS  output.  The  measured  SFS  output 
increased  by  a  factor  of  1.8. 


Plastic  Scintillating 
Fiber  Screen 


Figure  III.3.  A  parallax  corrected  plastic  scintillating  fiber  screen  (SFS). 


The  properties  of  the  plastic  scintillating  fibers  designed  for  this  application  is 
shown  in  the  following  table. 


Fiber 

diameter 

Fiber  Core 

Fiber  Cladding 

Material 

Refractive  index 

Material 

Refractive  index 

Polystyrene  +  7.5%  tin 

1.59 

Fluorinated  Polymer 

1.35 
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Scintillation  light  produced  by  the  ionizing  photoelectron  is  guided  by  internal 
reflections  along  the  fiber.  The  fraction  of  scintillation  light  which  is  transmitted  within 
the  fiber  is  7.5%.  This  is  compared  to  the  fraction  of  3%  for  typical  plastic  optic  fibers. 

We  proposed  to  use  amorphous  fluoropolymer  AF  1600  as  the  cladding  material 
which  theoretically  shall  provide  a  9%  scintillation  light  collection  efficiency.  During  the 
progress  of  this  project,  we  found  that  properties  of  Fluorinated  Polymer  cladding  and  tin 
loaded  polymer  core  are  matched  better  than  AF  1600  and  the  tin  loaded  polymer  core. 
The  measured  numerical  apertures  are  very  close  for  tin  loaded  fibers  cladded  with 
Fluorinated  Polymer  and  AF  1600.  Because  Fluorinated  Polymer  is  much  cheaper  than 
AF  1600.  We  decided  to  use  Fluorinated  Polymer  as  the  cladding  material  for  fibers  used 
to  develop  the  detector  for  mammography. 

We  have  mentioned  in  Section  II  that  the  energy  conversion  efficiency  of  the 
Polystyrene  based  plastic  scintillators  is  t)^ically  only  about  3%.  In  this  project,  two 
solutes  were  used  to  efficiently  convert  the  x-ray  energy  into  scintillation  light;  A  primary 
solute  and  3-Hydroxyflavone  (3HF).  Energy  transfer  between  Polystyrene  and  the  primary 
solute  is  through  a  resonant  dipole-dipole  process,  with  fluorescence  emission  peaking  at 
about  340  nm.  Energy  transfer  between  the  two  solutes  is  through  the  radiative  process  in 
which  emission  is  followed  by  absorption  of  light.  We  have  achieved  a  measured  energy 
conversion  efficiency  of  greater  than  4.5%  due  to  the  use  of  this  primary  solute.  The  use 
of  3HF  shifts  the  scintillation  light  spectrum  (peak  at  530  nm)  to  a  closer  match  with  the 
CCD  where  the  CCD  quantum  efficiency  is  high. 

We  proposed  to  load  10%  tin  by  weight  into  the  fiber  core  to  improve  the  image 
performance  of  a  plastic  SFS.  Various  weight  percentages  of  Lead  (Pb)  and  Tin  (Sn)  have 
been  loaded  in  plastic  scintillators  for  a  variety  of  special  applications.  However,  the 
commercial  metal  loaded  plastic  scintillators  are  cross  linked  polymers  due  to  the  presence 
of  these  metal  compounds.  It  is  impossible  to  draw  fibers  from  these  materials  because  of 
the  cross  linking.  We  have  loaded  up  to  20%  by  weight  of  tin  element  into  polystyrene 
based  plastic  scintillators.  The  scintillation  light  loss  due  to  quenching  is  measured  to  be 
about  15%  for  the  7.5%  by  weight  of  tin  loaded  plastic  scintillator.  We  also  have 
successfully  produced  fibers  from  this  material.  However,  the  light  transmission  within 
these  fibers  were  significantly  reduced.  This  may  be  due  to  the  presence  of  dust  in  the 
polymer  material,  or  in  the  commercial  tin  compounds  used.  We  are  currently  investigate 
the  various  possible  courses  which  resulted  in  loss  of  scintillation  light  in  the  fiber. 

Although  we  have  produced  plastic  scintillators  with  10%  tin  by  weight,  we  found 
from  both  measurements  and  simulation  (as  shown  in  section  II)  that  loading  of  7.5%  by 
weight  of  tin  generates  more  scintillation  light  than  the  loading  of  10%  by  weight  of  tin  in 
the  polystyrene  based  plastic  scintillators.  This  is  the  result  of  two  opposite  processes; 
loading  tin  improves  the  x-ray  energy  absorption  within  the  fiber  core,  but  decreases  the 
scintillation  light  output  due  to  the  quenching  effect.  7.5%  by  weight  of  tin  is  an 
optimized  loading  fraction  for  this  application. 
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Tn  summary,  three  kev  advancements  over  the  current  plastic  scintillating  fiber 
technology  have  been  made  for  a  plastic  scintillating  fiber  screen  to  be  used  in  a  scanning 
slot  digital  x-rav  detector  for  mammography: 

(1)  Improved  plastic  scintillating  fiber  energy  conversion  efficiency  from  ~3%  to  >  4.5%; 

(2)  Increased  the  scintillation  light  collection  efficiency  from  3%  to  7.5%; 

(3)  Loaded  up  to  20%  by  weight  of  tin  into  plastic  scintillator  which  remained  a 
thermoplastic  from  which  scintillating  fibers  were  able  to  be  produced.. 

In  addition,  a  protocol  to  manufacture  parallax  corrected  SFS  module  has  been 
developed  and  tested.  Several  efforts  are  being  taken  to  enhance  light  transmission  within 
the  scintillating  fiber: 

(1)  Improving  clean  room  environment  to  minimize  dust  contamination  in  the  fiber  core; 

(2)  Expanding  chemical  laboratory  to  produce  clean  ploymers; 

(3)  Investigating  new  tin  compounds  which  be  loaded  into  the  fiber  core  material. 

in.3.  CCD  Camera  and  Readout  Electronics 

The  specifications  of  the  CCDs  used  (KAF-0360,  Eastman  Kodak  Company)  are 
shown  in  the  table  below. 


Size 

26.4  mm  x  7.92  mm 

Pixel  size 

24  pm  X  24  pm 

Array 

1100x330 

Full  Well  Capacity 

200,000  electrons 

Dark  Current  @25°C 

1080  eVpixel/second 

Readout  Noise  @1  MHz  @25°C 

50  e'  rms/pixel  (see  note) 

Amplifier  Sensitivity 

10  tiV/e 

Quantum  Efficiency 

average  -40%  for  the  light  output  from  SFP 

note:  correlated  double  sampling  is  assumed 


Images  will  be  acquired  by  scanning  a  fan  x-ray  beam  and  the  slot  detector  in  a 
direction  parallel  to  the  short  dimension  of  the  detector  (7.92  mm,  330  pixels).  To  allow  a 
smooth  mechanical  motion,  the  CCDs  are  operated  in  the  time-delayed  integration  (TDI) 
mode.  Each  CCD  is  capable  of  bi-directional  TDI  mode  operation,  and  operated  in  Multi- 
Pinned-Phasing  (MPP)  mode  of  operation  to  reduce  CCD  pixel  dark  current  generation. 

TDI  is  based  on  the  concept  of  taking  multiple  exposure  of  the  same  object.  In 
TDI  operation,  as  the  detector  is  moved  across  the  breast  at  constant  speed  the  charge 
collected  in  each  pixel  of  the  CCD  is  shifted  down  its  column  at  the  same  speed  as  that  of 
the  scan  but  in  the  opposite  direction.  This  allows  the  charge  generated  in  one  portion  of 
the  image  to  integrate  in  the  detector  (CCD)  during  image  acquisition,  eventually 
providing  a  signal  330  times  larger  than  that  accumulated  in  any  individual  pixel.  The 
charge  packets  in  each  row  (1024  out  of  1100  pixels)  are  readout  at  2  MHz  when  they 
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reaches  the  last  row  (the  serial  register)  in  the  CCD,  a  line  of  the  final  image  is  then 
formed.  The  CCD  readout  noise  only  contributes  once  to  the  integrated  charge  signal. 

A  modular,  low  noise,  fast  readout  CCD  camera  has  been  developed  for  this 
project.  This  CCD  camera  is  designed  to  be  operated  at  ambient  temperature.  The  output 
from  a  CCD  is  amplified  and  then  digitized  at  2  MHz  with  a  14  bit  analog-to-digital 
converter  (ADC)  located  in  the  camera  head.  In  our  prototype  detector,  the  two  CCDs 
are  readout  in  parallel  in  order  to  maintain  the  5  cm/second  scanning  speed.  Correlated 
double  sampling  (CDS)  is  implemented  to  reduce  the  effect  of  CCD  reset  noise.  The 
image  data  is  then  captured  by  a  fast  image  grabber  developed  by  Imaging  Technology 
Inc..  This  grabber  is  capable  of  acquiring  image  data  at  35  MByte/s,  which  can  handle  the 
simultaneously  output  from  eight  of  our  camera  modules. 


Fixed  pattern  noise  (FPN)  will  be  removed  by  a  simple  algorithm  which  is  being 
implemented  on  line  during  the  scanning  process  in  the  camera  readout  hardware.  Before 
image  acquisition,  two  line  correction  tables  (8800  pixels/line)  will  be  recorded  first.  A 
dark  correction  table  Id  is  generated  by  scanning  the  detector  in  its  normal  TDI  operation 
mode  for  the  entire  image  area  without  x-ray  exposure  to  the  detector.  The  ith  pixel  in  the 
dark  correction  table  is  calculated  from  averaging  the  pixel  intensity  over  the  total  pixels  in 
the  ith  column  along  the  TDI  direction.  A  flat  field  correction  table  If  is  obtained  in  the 
same  way  with  high  exposure  to  the  detector  so  that  the  x-ray  intensity  fluctuation  is 
negligible.  During  image  acquisition,  each  line  of  the  original  image  loj  will  be  corrected 
on  line  by  the  following  algorithm 


0,J  a 


where  Icj  is  the  jth  line  of  the  corrected  image,  F  is  an  arbitrary  value.  The  x-ray 
quantum  noise  will  not  change  in  the  corrected  image  because  the  averaging  process  and 
high  x-ray  exposure  involved  to  obtain  the  correction  tables. 


in.4.  A  Prototype  Testing  System 

Figure  III.4  shows  a  photograph  of  a  prototype  testing  system  developed  for  this 
project.  A  GE  Sonograph  500 1  x-ray  unit  was  used  with  an  Mo-anode,  0.3  mm  focal  spot, 
and  30  pm  added  Mo  filter.  A  lead  collimator  was  used  at  the  x-ray  tube  to  form  a  1  cm 
wide  x-ray  beam  which  cover  the  whole  slot  detector  area.  The  focal  spot  to  detector 
distance  was  60  cm.  During  image  acquisition,  a  testing  phantom  is  moved  by  a  linear 
motion  table  in  the  horizontal  direction  from  one  side  of  the  detector  to  the  other  side. 
The  testing  phantom  is  mounted  on  a  5  mm  thick  acrylic  plate,  which  is  supported  by  the 
linear  motion  table.  The  phantom  movement  speed  is  under  computer  control  and  can  be 
varied  from  1  to  10  cm/second. 


Figure  III.  5  illustrates  the  functional  diagram  of  this  prototype  testing  system.  The 
synchronization  between  the  phantom  movement  and  CCD  pixel  charge  shift  is  the  critical 
circuit  that  permits  the  TDI  mode  of  imaging  operation.  A  synchronization  signal  is 
required  once  each  line  to  shift  the  integrating  image  one  pixel  in  the  opposite  direction  of 
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the  moving  phantom.  In  our  experimental  setup,  an  electronic  pulse  signal  which  is  related 
to  the  phantom  movement  was  obtained  from  the  linear  encoder  attached  to  the  linear 
table.  This  signal  was  modified  as  the  application  demands  and  sent  to  the  CCD  camera 
so  that  the  charge  shifting  is  slaved  to  the  object  movement. 


Figure  III.4.  A  photograph  of  the  prototype  testing  system 

The  linear  encoder  has  a  resolution  of  0.2  pm,  i.e.,  the  encoder  can  produce  one 
electronic  pulse  every  0.2  pm  of  object  travel.  The  synchronization  signal  was  generated 
by  a  timing  circuit  which  counts  the  number  of  encoder  outputs  at  an  120  pulses  interval 
(24  pm  linear  movement,  which  is  the  CCD  pixel  size).  In  this  way,  any  speed  variation  in 
the  object  motion  is  automatically  coupled  to  CCD  clocking  which  moves  the  charge. 
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To  test  this  experimental  setup,  we  placed  a  Gd202S:Tb  phosphor  (Min-R  screen) 
in  optical  contact  with  a  CCD  through  a  thin  fiberoptical  faceplate.  X-ray  images  of  a  1° 
star  resolution  test  pattern  (Nuclear  Associates,  Model  No.  07-542)  were  obtained  by 
scanning  the  phantom  from  one  side  of  the  detector  to  another  side  at  1  cm/second  speed. 
The  slow  speed  largely  eliminated  the  afterglow  effect  of  the  Min-R  screen  on  the 
degradation  of  image  resolution.  Figure  III.6  shows  the  center  of  an  x-ray  image  of  the 
star  pattern  taken  using  the  0.3  mm  focal  spot  at  28  kVp  with  detector  exposure  of  ~  10 
mR.  The  measured  limiting  resolution  from  this  image  is  about  14  Ip/mm. 


Motion  Controller 

Motion  control  commands 

Linear  Table 

Linear  Encoder 

Timing  Generation 

Synchronization  Signal 

TDI-CCD  Camera 

T 
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TTT.5.  Evaluation  of  a  Prototype  CsIrTl  Screen  Based  Slot  X-rav  Detector 
The  CsLTl  Screen 


Recently,  a  new  CsLTl  screen  became  available  from  Hamamatsu  Photonics 
K.K.,  Japan.  This  screen  is  composed  of  prismatic  Csl  crystals,  which  is  made  by  using 
a  special  evaporation  method  to  enable  the  needle-shaped  Csl  crystals  (needles)  to 
grow  in  the  direction  perpendicular  to  a  supporting  base. 

A  number  of  properties  of  this  CsLTl  screen  are  advantageous  for  use  in  a 
scanning  slot  x-ray  detector  for  mammography: 

(1)  The  needle  size  is  ~  5  pm  and  very  uniform.  When  scintillation  is  generated  in  each 
needle,  the  needle  serves  as  a  guide  to  conduct  the  light.  This  fiber-like  structure 
results  in  a  very  high  resolution. 

(2)  The  prismatic  crystals  produce  strikingly  more  efficient  light  transmission  than  the 
powder  type  material  such  as  Gd202S:Tb.  This  could  compensate  for  its  less  x-ray 
energy  conversion  efficiency  (12%)  compared  to  that  (15%)  of  Gd202S:Tb  screen. 

(3)  The  scintillation  decay  time  is  about  1  ps.  This  eliminates  the  problem  of  afterglow 
effect  related  to  the  use  of  Gd202S:Tb  phosphor  in  the  scanning  slot  detector. 

(4)  The  light  emission  peaks  at  580  nm  and  the  wavelengths  of  about  2/3  of  the  light 
are  greater  than  550  nm,  where  the  quantum  efficiencies  of  a  front-illuminated 
CCD  are  typically  high. 

Figure  IIL7  shows  the  x-ray  interaction  efficiencies  as  a  function  of  incident  x- 
ray  energy  for  the  150  pm  thick  CsLTl  screen  and  a  Kodak  Min-R  screen.  The  x-ray 
interaction  efSciency  of  the  CsI:Tl  screen  is  about  10%  higher  than  the  Min-R  screen 
at  all  x-ray  energies  used  in  mammography. 


Figure  IIL7.  X-ray  interaction  efficiency  of  a  150  pm  thick  CsLTl  screen. 
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Scintillation  Light  Output  and  Resolution  Measurement 

The  CsI:Tl  screen  was  tested  with  the  prototype  testing  system  described  above. 
The  CsIiTl  screen  was  optically  coupled  to  one  CCD.  The  signal  intensity  (pixel  values) 
from  x-ray  exposure  was  measured  from  24  to  34  kVp.  The  ratios  of  the  signal  intensity 
from  the  prototype  slot  x-ray  detectors  using  the  CsI:Tl  screen  (Son)  vs.  using  a  Min-R 
screen  (Smui-r)  are  summarized  in  the  following  table.  The  results  shown  the  two  detectors 
produced  comparable  signals  at  all  x-ray  energies  used  in  mammography. 

kVp  24  26  28  30  32  34 

Ratio  (Scd/SMm-R)  0.92  0.92  0.91  0.92  0.91  0.94 

Figure  in.  8  shows  an  x-ray  image  of  the  1®  star  resolution  test  pattern  which  was 
obtained  from  the  prototype  slot  x-ray  detector  using  the  CsLTl  screen  at  4  cm/second 
scanning  speed.  The  measured  limiting  resolution  from  this  image  is  greater  than  16 
Ip/mm.  This  result  shown  that  the  new  CsLTl  screen  will  provide  excellent  spatial 
resolution  when  used  in  a  scanning  slot  x-ray  detector  for  mammography. 


Figure  in.  8.  X-ray  image  of  a  1°  star  pattern  obtained  from  the  prototype  slot  x- 
ray  detector  using  a  CsLTl  screen. 
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TTT.6.  A  CsItTl  Screen  Based  Slot  X-rav  Detector  as  an  Alternative  to  the  SFS 
Based  Slot  X-rav  Detector 


To  use  the  CsLTl  screen  in  the  scanning  slot  x-ray  detector,  an  image  guide 
made  of  plastic  optical  fibers  will  be  developed.  This  image  guide  will  have  exactly  the 
same  shape  as  shown  in  Figure  III.2.  The  difference  is  that,  for  the  SFS  based  slot  x- 
ray  detector,  the  image  guide  is  made  of  plastic  scintillating  fibers,  and  is  an  extension 
of  the  SFS. 

The  new  image  guide  will  be  made  of  clear  plastic  optical  fibers  of  10  pm 
diameter.  The  fiber  has  a  PMMA/FP  core/cladding  combination.  The  numerical 
aperture  (NA)  of  this  fiber  is  0.63,  which  means  that  it  will  receive  light  at  less  than 
about  20°  incident  angle  when  coupled  to  the  glass  fiber  optical  plate  base  of  the  Csl 
screen.  This  plastic  image  guide  will  be  directly  bonded  to  the  CCDs.  The  CCD  and 
associated  readout  electronics  are  the  same  as  those  used  in  the  SFS  based  scanning 
slot  x-ray  detector.  The  CCD  (KAF-0360)  has  an  average  of  about  50%  quantum 
efficiency  to  convert  the  light  from  CsLTl  screen  into  CCD  electrons. 

There  are  two  main  breakthroughs  that  can  be  achieved  with  this  CsLTl  screen 
based  slot  x-ray  detector.  First,  we  have  shown  that  the  use  of  this  new  CsLTl  screen 
will  provide  higher  x-ray  interaction  efficiency,  higher  MTF,  and  comparable  image 
signal  when  compared  to  a  slot  detector  based  on  the  use  of  an  GdaOaSiTb  phosphor 
(Min-R  screen).  Second,  the  use  of  the  inexpensive  clear  plastic  optical  fiber  image 
guide  will  make  the  cost  of  this  slot  x-ray  detector  very  attractive  when  compared  to  a 
slot  x-ray  detector  using  the  expensive  glass  fiber  optical  image  guide. 
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CONCLUSIONS 

The  following  work  elements  have  been  achieved  for  this  predoctoral  fellowship 
research  project  during  the  period  from  August  15,  1994  to  December  14,  1996: 

(1)  Investigated  the  effect  of  the  scattered  radiation  in  a  scanning  slot  imaging  system 
using  Monte  Carlo  methods.  The  results  show  that  sufficient  scatter  rejection  can  be 
achieved  using  a  3  cm  airgap  method  with  negligible  dose  penalty. 

The  results  of  this  study  can  be  used  to  optimize  the  design  of  any  scanning  slot 
mammography  system. 

(2)  Studied  the  potential  image  quality  achievable  with  plastic  scintillating  fiber  screen 
(SFS)  in  mammography  applications.  The  effects  of  loading  High  Z  element  into  the 
SFS  on  the  detective  quantum  efficiency  and  spatial  resolution  were  investigated. 
Choice  of  a  high  Z  element  and  its  optimal  concentration  with  the  SFS  were 
determined. 

The  results  of  this  study  allow  the  design  and  development  of  an  optimal  SFS  to  be 
used  in  a  scanning  slot  x-ray  detector  for  mammography. 

(3)  Made  three  key  advancements  over  the  current  plastic  scintillating  fiber  technology: 
Improved  plastic  scintillating  fiber  energy  conversion  efficiency  from  ~3%  to  >  4.5%; 
Increased  the  scintillation  light  collection  efficiency  from  3%  to  7.5%;  Loaded  up  to 
20%  by  weight  of  tin  into  plastic  scintillator  which  remained  a  thermoplastic  from 
which  scintillating  fibers  were  able  to  be  produced. 

These  achievements  are  critical  in  realizing  the  goals  of  this  research.  The  amount  of 
scintillation  light  output  from  SFS  determines,  to  a  large  extent,  the  ultimate  detector 
DQE.  From  the  above  measurement,  we  estimate  that  the  detector  zero  spatial 
frequency  DQE  is  greater  than  70%  for  typical  detector  exposure  level  (>  3  mR) 
encountered  in  mammography. 

(4)  Set  up  the  testing  system  to  perform  the  imaging  performance  measurements.  This 
setup  includes  a  mammography  x-ray  unit  (Senograph  500t),  a  modified  PC  based  high 
speed  PCI  bus  frame  grabber,  and  a  linear  scanning  table  with  a  computer  controlled 
motion  controller  which  generates  the  synchronization  signals  for  CCD  camera 
electronics. 

The  synchronization  between  object  motion  and  CCD  charge  shifting  is  very  important 
to  achieve  the  goal  of  15  Ip/mm  detector  limiting  spatial  resolution.  Also  it  is  critical 
to  align  the  CCD  columns  to  the  scanning  direction.  In  the  proposed  imaging  system, 
the  fast  scanning  application  requires  the  large  amount  of  digitized  image  data  to  be 
acquired  and  stored  in  a  very  short  time.  The  success  in  setting  up  these  components 
allows  the  prototype  SFS  detector  imaging  performance  to  be  evaluated  accurately. 
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(5)  Built  the  CCD  camera  readout  electronics.  A  circuitry  for  CCD  dark  current  and 
detector  non-uniformity  corrections  has  been  designed  and  is  being  integrated  into  the 
CCD  readout  electronics.  A  measured  total  thermal  and  readout  noise  level  of  75  e' 
rms  has  been  achieved  at  2  MHz  readout  rate  and  28°C.  The  CCD  camera  and 
readout  electronics  are  being  optimized  for  lower  noise  performance  at  present. 

This  is  another  critical  component  in  the  prototype  scanning  slot  digital  mammography 
system  which  determines  the  detector  DQE  and  the  system  linear  dynamic  range.  A 
measured  total  thermal  and  readout  noise  level  of  ~  75  e‘  rms  at  2  MHz  readout  rate 
and  25‘’C  has  been  achieved. 

(6)  Explored  the  use  of  a  new  CsI:Tl  screen  as  an  alternative  to  the  use  of  an  SFS  in  a 
scanning  slot  x-ray  detector  for  mammography.  The  preliminary  results  obtained  are 
very  encouraging. 

The  major  difficulty  of  this  project  is  to  produce  clean  20  pm  diameter 
scintillating  fibers  with  the  optimized  material  composition.  The  fibers  produced  so  far 
do  not  give  good  scintillation  light  transmission  due  to  several  possible  technical 
problems.  As  a  results,  the  proposed  work  as  stated  in  the  proposal  could  not  be 
completed.  At  this  stage,  intensive  efforts  are  being  taken  to  produce  tin  loaded 
scintillating  fibers  which  will  be  transparent  to  its  scintillation  light. 

Thanks  to  the  support  by  the  USAMRMC,  the  trainee,  Zhenxue  Jing,  has 
completed  his  course  study,  passed  his  quality  exam,  and  is  expecting  to  obtain  his 
Ph  D.  degree  by  the  end  of  1996. 
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